With the development of clinical diagnostic techniques to investigate the coronary circulation in conscious humans, the in vitro validation of such newly developed techniques is of major importance. The aim of this study was to develop an in vitro model that is able to mimic the coronary circulation in such a way that coronary pressure and flow signals under baseline as well as hyperaemic conditions are approximated as realistically as possible and are in accordance with recently gained insights into such signals in conscious man. In the present in vitro model the heart, the systemic and coronary circulation are modelled on the basis of the elements of a lumped parameter mathematical model only consisting of elements that can be represented by segments in an experimental set-up. A collapsible tube, collapsed by the ventricular pressure, represents the variable resistance and volume behaviour of the endocardial part of the myocardium. The pressure and flow signals obtained are similar to physiological human coronary pressure and flow, both for baseline and hyperaemic conditions. The model allows for in vitro evaluation of clinical diagnostic techniques.
Introduction
While validating clinical intracoronary diagnostic techniques, an in vitro model of the coronary circulation that properly mimics physiological and pathological behaviour in the coronary circulation is of major importance as it allows testing and validation of these techniques under well-controlled circumstances. Generating flow patterns and pressure curves that closely mimic human coronary flow and pressure, both under resting and hyperaemic conditions, is paramount in modelling the coronary circulation.
The aim of this study was to develop a realistic in vitro model of the coronary circulation with physiologically representative elements for relevant components of the circulation, both regarding geometry and function.
Characteristically, coronary flow predominantly occurs in diastole, while it is primarily driven by aortic pressure. An explanation for this phenomenon is found in the influence of left ventricular contraction on the subendocardial myocardium, resulting in an increase in the resistance to flow during the systolic part of the cardiac cycle. This influence is considered to be the key element in the modelling of the coronary circulation. It is assumed to be independent of the autoregulation effect of the arteriolar resistances on the mean coronary flow, by which coronary flow is actively varied from baseline to hyperaemic levels in response to varying oxygen demand.
Several mathematical models have been proposed in the literature to explain coronary flow patterns by describing the relations between intramyocardial pressure, volume and resistance to flow. The earliest models were based on the waterfall principle (Downey and Kirk 1975) , in which the vascular bed is assumed to collapse when intramyocardial pressure exceeds intravascular pressure. This approach can describe the systolic decline in coronary flow. However, a total collapse of the vascular bed is unlikely to occur, since the coronary perfusion volume is too small to empty and refill the coronary vasculature completely in one heart beat (Arts and Reneman 1985) . In the intramyocardial pump model, flow variations between systole and diastole are not directly coupled to variable resistance as in the waterfall model, but to intramyocardial volume variations, by introducing the capacitance of the coronary vasculature (Spaan et al 1981, Arts and Reneman 1985) , later adjusted to resistances and capacitances dependent on intramyocardial pressure (Bruinsma et al 1988) . With these models, correct phasic patterns of coronary artery flow could be obtained. Another approach was taken by Krams et al (1989a Krams et al ( , 1989c , applying the time-varying elastance model introduced by Suga et al (1973) to the coronary circulation. He suggested relating intramyocardial volume changes to increased myocardial stiffness during the cardiac cycle. The validity of this model under low left ventricular pressure conditions was shown in vivo (Krams et al 1989a (Krams et al , 1989b (Krams et al , 1989c . A more extended mechanical model, incorporating the functional relation of active myocardial mechanics, perfusion and across-capillary mass transport, was introduced by Zinemanas et al (1994) . Interactions between these aspects influencing the coronary flow pattern can be properly evaluated with this model.
Only a few in vitro measurements evaluating clinical diagnostic techniques based on these models have been reported up to now (Segers et al 1999 , Matthys et al 2001 . In these set-ups the coronary circulation is driven by prescribed aortic pressure and myocardial resistance, which is a restriction on the value of the model in mimicking physiological conditions.
Our objective was to translate the influence of left ventricular contraction, as described by the models mentioned above, to physical elements for the development of an in vitro model. In the present study a more pragmatic approach was taken, since mathematical elements such as active contractile elements resembling heart muscle (as used in the time-varying elastance model and the model of Zinemanas et al (1994) ) are not physically available. The model is primarily based on insights into physiological parameters as obtained by invasive measurements of pressure and flow in the coronary circulation in healthy persons and in patients with coronary artery disease (Wilson et al 1985 , De Bruyne et al 2001 .
First the modelling conditions were defined and a lumped parameter mathematical model was developed, as a design tool for the in vitro experimental model. Then the elements from the lumped parameter model were translated into physical elements in the in vitro model. Finally, the generated signals from both models were compared to pressure and flow recordings in conscious humans.
Materials and methods

Modelling conditions
As mentioned above, the modelling conditions of both the numerical and the in vitro models are primarily based on the knowledge of the relevant physiological conditions. The main consideration is the physiological basis of both the pressure and flow signals in the coronary circulation, which was not modelled in earlier in vitro models (Segers et al 1999 , Matthys et al 2001 . To model this ventricular contraction or volume change was made the only active input for the in vitro model. Hence the main modelling conditions are as follows: A conditio sine qua non for the model to be realistic is that at least all pressure and flow signals generated under different physiological and pathological conditions clearly resemble similar signals in conscious humans. The physiological reference values for mean coronary flow (q ca ), mean aortic pressure (p ao ), mean venous pressure (p v ) and mean aortic flow (q ao ) in baseline and hyperaemia are given in table 1. The physiological modelling conditions were implemented in a lumped parameter model and from this model the in vitro set-up of the systemic and coronary circulation was derived. Care was taken that all parameters and physical dimensions were in accordance with the human coronary circulation.
The lumped parameter mathematical model
2.2.1. Design. The model consists of three parts: a heart, a systemic circulation and a coronary circulation (figure 1). The heart consists of the left ventricle (LV) and the mitral and aortic valves. The heart and systemic circulation are of importance to the coronary circulation, as they produce the characteristic aortic pressure pattern (p ao ) that drives the coronary circulation. The LV is a single node with a prescribed flow in and out, according to data from Nolan (1976) , representing the change of volume of the LV. Flow-dependent variable resistances analogue to electric diodes represent the mitral and aortic valves. A four-element Windkessel as introduced by Stergiopulos et al (1999) represents the systemic circulation.
The coronary circulation comprises three primary components: the coronary artery, the arteriolar resistance and the myocardial vascular bed. The left coronary artery (LCA) was modelled with a LRC segment with L ca , R ca and C ca based on the material and geometrical properties of a thin-walled linear elastic artery. The whole autoregulation was assumed to be determined by one parameter: the arteriolar resistance R ar . Thus, this resistance will be the sole discriminator between hyperaemia and baseline coronary flow (R ar,hyperaemia < R ar,baseline ). The arteriolar resistance was modelled to be low at hyperaemia and of the same order of magnitude as the resistance of the LCA: O(R ar,hyperaemia ) = O(R ca ). In the mathematical model, the changes in volume and resistance of the myocardial vascular bed were taken as two separate influences: the myocardial contraction was modelled after the intramyocardial pump model by a prescribed change of myocardial volume q myo with the same pattern as the change of volume of the LV (Spaan et al 1981 , Arts and Reneman 1985 , Bruinsma et al 1988 and a variable myocardial resistance R ma (t) dependent on LV pressure p LV (Bruinsma et al 1988) : and
Parameter estimation.
The parameters finally used in the model are given in table 2. The resistance R ca of the coronary artery based on Poiseuille flow conditions can be approximated by
where length l = 0.15 m, radius r = 2 × 10 −3 m and dynamic viscosity η = 4 × 10 −3 kg ms −1 . The inertance L ca is defined as
where ρ = 1 × 10 3 kg m −3 . The compliance C ca is given by
Here µ = 0.5 denotes the Poisson ratio, E = 13 MPa denotes Young's modulus and the wall thickness is h = 0.13 mm. Due to the complex nonlinear behaviour of the system, a rigorous analysis to obtain the exact values of the myocardial parameters of the model cannot be given. Initial values can be obtained using the approximate values of arterial and venous flow as depicted in figure 2, assuming that duration of systole and diastole is 0.3 s and 0.5 s, respectively, and an order of magnitude stroke volume of 100 ml. Now left ventricular flow can be derived: q LV,systole = 100 × 60/0.3 = 20 × 10 3 ml min −1 and q LV,diastole = 100 × 60/0.5 = 12 × 10 3 ml min −1 : equation (2) then yields a = 8 × 10 −3 . If subendocardial and subepicardial blood supply are of the same order in both systole and diastole and moreover
Moreover, subepicardial flow is driven by mean aortic pressure, so
Systolic flow is at least half the diastolic flow (figure 2). This is only possible if we assume the following during systole:
In practice R m2 ≈ 3R m1 , and R ma,systole ≈ 10R m1 turned out to be a reasonable choice, resulting in R m1 ≈ 1.3 kPa s ml −1 , R m2 ≈ 3.8 kPa s ml −1 and R ma,systole ≈ 12.5 kPa s ml −1 . It then follows that when c (equation (1)) is assumed to be small (equation (6)), then b ≈ 0.9 s ml −1 . Total myocardial resistance (R myo ) can be estimated from mean coronary pressure and flow at hyperaemia, when arteriolar and coronary artery resistances are assumed to be insignificant. Hence
For baseline conditions, when mean coronary flow can easily be as low as a fourth of that at hyperaemia, it then follows that:
Solution method.
The lumped parameter modelling was performed by solving the following set of equations:
at a finite number of incremental steps in time for the discrete system. Compliances, resistances and inertances are ordered in the matrices C, R and L, respectively. Together with the nodal variable p (pressure) and the element variable q (flow), they form the set of second-order differential equations. The solution of this set was determined at equidistant steps in time with step size t by using the implicit trapezoidal rule as an integration method. The initial conditions were p t=0 = 0,ṗ t=0 = 0,p t=0 = 0 and q LV and q myo were prescribed at the left ventricular node and the myocardial compression node (figure 1), respectively. The system reached a periodic state after approximately eight 'heart cycles', when the difference between two heart cycles was less than a few per cent.
The in vitro experimental model
2.3.1. Heart and systemic circulation. The in vitro model consisted of a pump (mimicking the heart), a systemic and a coronary circulation. The in vitro heart included a rigid chamber with a piston inside (figure 3), driven by a computer-controlled linear motor (ETB32, Parker) and two artificial valves (a Bjork-Shiley valve for the aortic valve and a St Jude for the mitral valve). The aorta was modelled as a tube made of polyurethane (Desmopan 588, Bayer Medical, E = 13 MPa, µ ≈ 0.5) and connected to a Windkessel, modelling the distal systemic compliance. Two external occluders (or clamps) formed the aortic resistance and the peripheral resistance. The aortic tube had a length of 450 mm, a diameter of 25 mm, a thickness of 0.13 ± 0.01 mm and a static compliance of 2.7 ml kPa −1 (0.36 ml mmHg −1 ). Aortic input impedance characterizes the systemic circulation behaviour and sufficed for a physiological aortic pressure pattern, as shown in figure 4 . Figure 3 . Schematic of the in vitro experimental model. The LV-chamber pumps water through the aortic flow probe and the artificial valve into the aorta and from the aorta into the systemic Windkessel components (with lumped parameters R ao , L, C and R p representing aortic resistance, systemic inertance, systemic compliance and peripheral resistance, respectively). A coronary artery branches off the aorta, passes the coronary artery flow probe, the arteriolar sphincter resistance R ar , bifurcates into a collapsible tube which is led through the LV and a non-compressible tube and passes the coronary sinus flow probe towards a venous outlet V . Myocardial lumped resistances are indicated by R m1 , R m2 and R p . All resistances indicated are manually adjustable clamps. The location of pressure measurements in the left ventricle, coronary venous pressure and coronary artery pressure is indicated by p LV , p v and p ca , respectively. Flow rates are registered by the electromagnetic flow probes q ao , q ca and q cs .
Coronary circulation.
The in vitro coronary circulation comprised a coronary epicardial artery, a dual-tubed myocardium and a venous outlet (figure 3). The coronary artery tube was modelled with physiological dimensions and capacitance; it was made of the same polyurethane as the aortic tube and had a length of 115 mm, an inner diameter of 4 mm, a thickness of 0.13 ± 0.02 mm and a static compliance of 4 × 10 −3 ml kPa −1 (3 × 10 −2 ml mmHg −1 ). The myocardium was modelled as a resistive circuit consisting of two parallel tubes, representing the subepicardial and subendocardial myocardium. Both were formed from rigid tubes with an internal diameter of 4 and 5 mm, and a thick wall (0.5-1.0 mm). The variable resistance and volume of the subendocardial myocardium were represented by a collapsible tube through the LV-chamber as a part of the subendocardial branch. It was made of the same polyurethane as the coronary artery tube and had a length of 100 mm, a diameter of 4 mm and a thickness of 0.13 ± 0.02 mm. A single tube connected the venous myocardial outlet to the venous reservoir and had no additional resistance. It consisted of a rigid tube with an internal diameter of 9 mm and a wall thickness of 1 mm. An external occluder was placed on the subepicardial (non-compressible) myocardial line (R mp ). The arteriolar resistance (R ar ), crucial for the modelling of autoregulation, was present as a clamp and was placed between the myocardial circulation and the coronary artery tube. An adjustable external occluder on the coronary artery, allowing a wide range of stenosis severity simulations, could mimic an epicardial stenosis. The location of the occluders and clamps was derived from the numerical model and they were all manually controlled. Initially the systemic circulation was tuned to generate physiologically representative pressure and flow signals. Thus, appropriate input conditions for the coronary circulation were created and subsequently the coronary resistances were fine tuned considering coronary pressure and flow patterns and magnitudes. Left ventricular (p LV ) and aortic (p ao ) pressures were measured, as these two pressure patterns are considered to be the driving forces of coronary flow (q ca ). Aortic flow (q ao ) was measured to compute cardiac output. Coronary sinus flow (q cs ) was measured to deduce the change of myocardial volume. Coronary venous pressure (p v ) was registered to determine the perfusing pressure difference over the coronary circulation. All flow rates were measured by As stated in modelling conditions (a) and (b), the only input in the experimental set-up of the circulation was the motion of the piston within the LV-chamber, designed as a combination of two squared sines; one accounting for a rather steep systolic outflow and the other for a more prolonged diastolic inflow pattern:
for 0.3 < t 0.8 s.
Measurements in the in vitro coronary circulation were done at a heart rate (HR) of 75 bpm and at reference values for p ao , p v and q ao as stated in table 1. As HR was 75 bpm, a single heart cycle was 0.8 s and systole and diastole were approximately 0.3 s and 0.5 s, respectively. Water was used as a flow medium and sodium chloride was added to enable electromagnetic flow measurement. Generally, data were recorded for three heart cycles or 2.4 s, and time averages were based on this time period.
The signals acquired at the specified measurement sites in the experimental model and the output of the numerical simulations were compared qualitatively and quantitatively to in vivo pressure and flow registrations as obtained in the coronary circulation of conscious humans.
Results
As can be observed in figure 4 all signals obtained from the numerical simulations and experimental model (p LV , p ao , p v , q ca and q ao ) closely resembled true physiological signals for both baseline and hyperaemic conditions. A strong quantitative agreement was also present, 12.0-13.5 13.6 13.2 12.0-13.5 13.9 13.1 p v (kPa) 0.00 0.00 −0.23 0.00 0.00 0.21 Table 2 . Parameter values for the lumped parameter model. A slight increase in the systemic peripheral resistance R p upheld the mean aortic pressure between baseline and hyperaemia.
Systemic circulation
Coronary circulation
(kPa s ml −1 ) 0.3 R ma,systole (kPa s ml −1 ) 13.3 R m2
(kPa s ml −1 ) 3.3 R mp (kPa s ml −1 ) 5.0 as can be seen in table 1. The changes in myocardial volume resembled the values estimated above (figure 5).
The lumped parameter mathematical model
The LV pressure and aortic pressures were physiological, except for the low diastolic pressure of the LV. Coronary flow at baseline and hyperaemia was close to or within the predefined ranges (table 2) . Qualitatively, the decreasing diastolic coronary flow pattern and systolic drop of coronary flow rate are clearly visible; the mean systolic flow was much lower than the mean diastolic flow.
The change from baseline to hyperaemic flow conditions was obtained via a decrease in the arteriolar resistance R ar only. A slight increase in the systemic peripheral resistance R p maintained the mean aortic pressure (table 2) .
The in vitro experimental model
The aortic pressure pattern (which primarily drives the coronary flow) was physiologically correct, as well as that of the LV, where the gradient during systole was due to the size of the artificial valve used. Strong spikes in coronary sinus pressure at hyperaemia occurred around steep increases and decreases in LV pressure due to the opening and closing effects of the valves.
The coronary flow patterns closely matched in vivo Doppler flow measurements in human coronary arteries. Qualitatively, the characteristic decreasing diastolic flow pattern and systolic drop of flow rate were present. In the pressure signals, the hyperaemic early-diastolic flow wave in coronary venous pressure and aortic pressure can also be seen. The change from baseline to hyperaemic conditions was mainly obtained by varying R ar , but a small adjustment of the myocardial resistances was still needed. Quantitatively, all flow rates were within the estimated ranges, except mean diastolic and systolic flow at hyperaemia, which were slightly low and high, respectively.
The signals obtained from the experimental model are even more physiologically realistic than those from the lumped parameter numerical model and very close to signals measured in conscious humans. Differences from the results of simulations with the lumped parameter model can be found in the steep increase of systolic flow rate in the second half of systole and a significantly faster change of the myocardial volume (gained by the collapsible tube), while the amount of volume change is the same (figure 5).
Discussion
Modelling: physiological basis
The main requirements for the lumped parameter mathematical model and the in vitro experimental model were the generation of physiological pressure and flow signals through physiologically representative elements, ventricular contraction being the only input for the model (driving aortic pressure and thus coronary flow and acting on myocardial resistance and volume), and the change between baseline and hyperaemic flow conditions only dependent on a change in arteriolar resistance. To achieve this in both models, physical elements representing parts of the circulation were used.
Concepts from physiological models from the literature were taken for the changes in volume and resistance of the myocardial vascular bed: in the mathematical model, the myocardial resistance and volume were implemented by separate influences and in the in vitro model a collapsible tube was used for the subendocardial part of the myocardium. In the models described in the literature mostly complicated, multilayered structures were used (Spaan et al 1981 , Arts and Reneman 1985 , Bruinsma et al 1988 , as well as mechanisms based on fibre contraction (myocardial stiffening) (Suga et al 1973 , Krams et al 1989a , 1989c . Although Krams et al (1989a Krams et al ( , 1989b Krams et al ( , 1989c showed in their experiments that coronary flow amplitude is only weakly related to left ventricular pressure, and strongly related to contractility, the collapsible tube approach led to physiologically representative coronary pressure and flow curves. A possible explanation may be found in the low left ventricular pressure during the experiments by Krams et al, resulting in a decreased end-systolic left ventricular volume and hence a large volume change of the wall and large passive stress in the myocardium, increasing the intramyocardial pressure and counterbalancing the effect of decreased left ventricular pressure.
The change between baseline and hyperaemic flow conditions was achieved by varying R ar . The small adjustment of the myocardial resistances still needed will probably be unnecessary when the myocardial volume change could be increased. This could be achieved by using a collapsible tube with a larger volume, or an accumulator, connecting the LV with the proximal side of the collapsible tube and containing a membrane, allowing volume change of the subendocardial branch and transmission of LV pressure to the collapsible tube, but not changing myocardial resistance.
The influence of the opening and closure of the valves can be seen in the pressure curves from the in vitro model; the Bjork-Shiley is known to produce significant pressure drops (more than 4 kPa at a cardiac output of 5 l min −1 ).
The lumped parameter mathematical model
The values for the resistance elements of the lumped parameter model were estimated from physiological data. The final values (resembling the estimation closely) were determined iteratively and resulted in physiologically representative pressure and flow signals. The applied myocardial volume change was deduced from generalizations of the mean coronary artery and coronary sinus flow (q ca and q cs , figure 2) using clinical experience. Based on the intramyocardial pump model, the myocardial flow pattern was taken linearly related to the left ventricular volume change. Together with the myocardial resistance being partially dependent on left ventricular pressure this leads to physiologically representative pressure and flow signals, despite the possibly incorrect physiological mechanism, as indicated by the experiments of Krams et al (1989a Krams et al ( , 1989b Krams et al ( , 1989c .
The in vitro experimental model
As indicated in the description of the physiological models for the mechanics of coronary blood flow, the most crucial element of the in vitro coronary circulation was the modelling of the myocardium. In the lumped parameter model, a combination of the influence of the left ventricular pressure on the myocardial resistance and volume change linearly related to that of the left ventricle was used. This approach was extended to the in vitro model by using a collapsible tube led through the left ventricle. Another non-compressible branch was connected parallelly outside the left ventricle, representing the subendocardial and subepicardial parts of the myocardium, respectively. The collapsible tube occludes during systole; both branches are uncompressed at diastole. In this way, using the collapsible tube principle from the waterfall model (Downey and Kirk 1975) , the physiological compression of the subendocardial part of the myocardial vascular bed can be mimicked.
Limitations
The exact resistive behaviour, exact point of collapse and the direction of the expelled fluid of the collapsible tube are not known. The placement of the collapsible tube in the aortic ejection stream of the left ventricle lowered the predictability of its behaviour even further. Nevertheless, the collapsing behaviour was stable, as may be concluded from the periodic coronary flow patterns. The amount of retrograde and antegrade flow and the fully occluded time period of the collapsible tube are unknown. Therefore, it is likely that the flow through the collapsible tube was lower than that deduced from the end-diastolic resistance assessment.
In the set-up, water was used as a medium instead of blood. Viscosity is the main parameter in which blood and water differ; it is roughly three times as high for blood as for water. Since aortic pressure, which is not influenced by viscosity, is the only important parameter from the systemic circulation, only a deviation in characteristic impedance Z c of the coronary circulation could be of importance. This impedance is a function of the Womersley number (a ratio of the instationary inertia forces and the viscous forces) and was found to be only approximately 10% lower than the theoretical Z c of the in vivo coronary artery. This is considered an acceptable deviation.
The clamp resistances in the coronary circulation are assumed to be linear (Segers et al 1999) : the external clamps in the model are considered to function as linear resistances; a slight nonlinear behaviour might be present.
For a more convenient application of clinical techniques such as thermodilution (Pijls et al 2002) , a more physiological coronary ostium could be implemented. A second coronary circulation could be added in parallel with the current one to allow for the investigation of collateral flow phenomena such as coronary steal.
Extended applications
The main objective of developing the in vitro model was to create a tool for validating novel diagnostic techniques. Recently, the model was used in a study on the correlation between absolute flow, thermodilution-derived mean transit time, index of myocardial resistance (Fearon et al 2003) and true myocardial resistance (Aarnoudse et al 2004) , and proved to be very suitable for that purpose.
Conclusions
The in vitro model of the coronary circulation produces physiologically representative pressure and flow signals. The main modelling conditions were met: coronary flow is primarily driven by aortic pressure, left ventricular contraction influences coronary arterial flow and coronary blood flow is regulated by arteriolar resistance changes only. As the model indeed closely resembles the coronary circulation, it is possible to evaluate diagnostic procedures and techniques.
